A detailed quantification and understanding of cerebrospinal fluid (CSF) dynamics may improve detection and treatment of central nervous system (CNS) diseases and help optimize CSF system-based delivery of CNS therapeutics. This study presents a computational fluid dynamics (CFD) model that utilizes a nonuniform moving boundary approach to accurately reproduce the nonuniform distribution of CSF flow along the spinal subarachnoid space (SAS) of a single cynomolgus monkey. A magnetic resonance imaging (MRI) protocol was developed and applied to quantify subject-specific CSF space geometry and flow and define the CFD domain and boundary conditions. An algorithm was implemented to reproduce the axial distribution of unsteady CSF flow by nonuniform deformation of the dura surface. Results showed that maximum difference between the MRI measurements and CFD simulation of CSF flow rates was <3.6%. CSF flow along the entire spine was laminar with a peak Reynolds number of $150 and average Womersley number of $5.4. Maximum CSF flow rate was present at the C4-C5 vertebral level. Deformation of the dura ranged up to a maximum of 134 lm. Geometric analysis indicated that total spinal CSF space volume was $8.7 ml. Average hydraulic diameter, wetted perimeter, and SAS area were 2.9 mm, 37.3 mm and 27.24 mm 2 , respectively. CSF pulse wave velocity (PWV) along the spine was quantified to be 1.2 m/s.
Introduction
Cerebrospinal fluid (CSF) plays a vital role in the immunological support, structural protection, and metabolic homeostasis of the CNS. A detailed understanding of CSF dynamics may improve treatment of several CNS diseases and help to optimize CSF system-based CNS therapeutics. The importance of CSF dynamics has been investigated in several CNS diseases that include syringomyelia [1] , Alzheimer's disease [2] , Chiari malformation [3] , and hydrocephalus [4] . Recent studies have examined the possible role of CSF as a conduit for distribution of therapeutic molecules to neuronal and glial cells of CNS tissues [5, 6] . Intrathecal-based CNS therapeutics for treatment of devastating CNS disorders such as Alzheimer's, amyotrophic lateral sclerosis, Parkinson's, and autism are under investigation. Researchers found that brain tissue is rapidly "washed out" with CSF during sleep in a mouse model [7] . Tracer studies showed that solutes within the CSF are transported into and out of the brain tissue via a leptomeningeal or perivascular pathway [8] . While many studies have shown increasing importance of the role of CSF in CNS system homeostasis, there is a paucity of information on CSF biofluid mechanics.
Cerebrospinal fluid-based brain therapeutics are gaining interest because they allow direct pharmaceutical targeting of the CNS that can help minimize some side effects associated with conventional oral and intravenous-based pharmacotherapies and allows delivery of larger molecule sizes to the CNS that may not normally be able to cross the blood-brain barrier. The CSF is a promising route with many potentially important roles for CNS therapeutics such as: (a) direct delivery of large drug molecules to the CNS tissue that is not possible via blood injection due to the 1 blood brain barrier, (b) CSF filtration, termed neuropheresis, to remove unwanted toxins in diseases such as meningitis, and (c) CSF cooling, termed CSF hypothermia, to slow down traumatic brain and spinal cord (SC) injury following severe accidents. However, while CNS therapeutics have a great deal of potential, they require expensive and restricted nonhuman primate (NHP) studies to reach clinical use. This expense makes detailed testing and optimization of brain therapeutic systems and medications difficult.
There is a need to develop a CSF hydrodynamic simulator (flow model) with a realistic geometry and CSF flow distribution. Such a simulator will allow testing and optimization of CNS therapeutics. Since these therapies often require testing on NHPs, our approach was to develop a subject-specific numerical model of CSF hydrodynamics in a cynomolgus monkey, a commonly used species for these studies. The focus of this numerical model was accurate representation of the spinal SAS CSF flow rate and waveform distribution as intrathecal infusion is primarily conducted within the spine. Comparison of CSF dynamics within the numerical model and MRI flow measurements were made to understand its hydrodynamic similarity to in vivo.
Materials and Methods

Measured Data
Ethics Statement. This study was submitted to and approved by the local governing Institutional Animal Care and Use Committee (IACUC). This study did not unnecessarily duplicate previous experiments, and alternatives to the use of live animals were considered. Procedures used in this study were designed with the consideration of the well-being of the animals.
Animal Selection. A healthy 4 year old adult male cynomolgus monkey (Macaca fascicularis, origin Mauritius) from Charles River Research Models, Houston, TX with a weight of 4.39 kg was selected for the study. This animal was purpose-bred and experimentally na€ ıve.
Pre-MRI NHP Preparation. The NHP was positioned in the scanner in the supine orientation with natural breathing (no mechanical ventilation). During each scan, heart rate (HR) and respiration was monitored with $1 l/min of oxygen and 1-3% isoflurane anesthetic was administered via oral mask for sedation and intubation for the duration of the scanning procedures.
MRI Scan Protocols. MRI measurements were collected at Northern Biomedical Research on a Philips 3T scanner (ACHIEVA, software V2.6.3.7, Best, The Netherlands). This NHP did not have prior administration of intrathecal drugs and/or catheter systems in the spine. Total scan time to quantify SAS geometry and flow, not including pre-MRI NHP preparation, was 1 h and 21 min.
Phase-Contrast MRI Protocol for CSF Flow Detection. Phasecontrast MRI measurements were collected with retrospective electrocardiogram (ECG) gating and 24 heart phases were reconstructed over the cardiac cycle. In-plane resolution was reconstructed at 0.45 Â 0.45 mm and slice thickness was 5.0 mm. Slice location for each scan was oriented perpendicular to the CSF flow direction with slice planes intersecting vertebral disks. These locations included the foramen magnum (FM) and vertebral disks located between the C2-C3, T4-T5, T10-T11 and L2-L3 vertebral levels ( Fig. 1(a) ). Velocity encoding value was 5 cm/s at the FM and L2-L3, and 10 cm/s at all other locations.
MRI CSF Space Geometry Protocol. A stack of 720 axial images were acquired using a volumetric isotropic T2w acquisition (VISTA) for complete coverage of the spinal SAS geometry ( Fig. 1(a) ). Scan time was 55 min with parameters indicated in Table 1 . The anatomical region scanned was $31 cm in length and included the entire spinal SAS extending caudally to the filum terminale. Images had a 0.5 mm slice spacing and 0.38 mm isotropic in-plane resolution.
CSF Flow Quantification. CSF flow was quantified for each of the axial locations shown in Fig. 1(b) . As detailed in our previous studies [9, 10] , the CSF flow waveform, Q ðtÞ , was computed within MATLAB based on integration of the pixel velocities with QðtÞ ¼ P A pixel ½V pixel ðtÞ, where A pixel is the area of one MRI pixel, V pixel is the velocity for the corresponding pixel, and Q ðtÞ is the summation of the flow for each pixel of interest as in our previous studies.
MRI Geometry Postprocessing. The high-resolution T2-weighted anatomic MRI images were semi-automatically segmented using the free open-source ITK-SNAP software (Version 3.0.0, University of Pennsylvania, Philadelphia, PA). Details on the segmentation procedure are provided in our previous work [11] . SC nerve roots and denticulate ligaments were not included in the model as they were not possible to accurately quantify at the acquired MRI resolution. Individual SC nerves were quantified at the filum terminale. The final segmentation ( Fig. 1(c) ) was exported in stereolithography format ( Fig. 2(a) ). The initial geometry of the numerical model was based on the time-averaged geometry measured over the MRI acquisition period.
Flow Model. Our overall flow model approach was to solve for the CSF flow field within the spinal SAS using CFD with a Nonuniform Mesh Deformation to Reproduce CSF Flow Along Spine. The phase-contrast MRI measurements showed a complex nonuniform distribution of CSF flow along the spine. Thus, to reproduce the nonuniform flow, a nonuniform deformation of the computational mesh was implemented at each time step by a userdefined function (UDF) applied within ANSYS FLUENT (ANSYS V R Academic Research, Release 17.2). A spring-based smoothing algorithm was applied to the mesh based on the calculated deformation within each section, as described in the following steps (Flow chart with steps 1-7 indicated in Fig. 3(a) ):
Step 1. In vivo CSF flow rates along the spine were measured at five distinct locations ( Fig. 1(b) ). To generate a smooth CSF flow distribution along the spine within 1 mm sections, these five distinct flow rates were spatial-temporal filtered in MATLAB using the 2D "fit" function with fittype ¼ "spline" configuration. Some HR variability was present between the phase-contrast magnetic resonance imaging (PCMRI) scans. Thus, the diastolic portion of the CSF flow waveforms with a shortened cardiac cycle was extended using methods previously developed by Schmidt-Daners and coworkers [12] . Maximum waveform extension was 180 ms at T10-T11. The smooth CSF flow distribution along the spine was then read into the mesh deformation algorithm (Fig. 3(a) ).
Step 2. Maximum and minimum geometry height in the caudocranial direction (Z max and Z min ) was calculated. Total model length was calculated as the difference of these values ðLength ¼ Z max À Z min Þ.
Step 3. To apply the nonuniform deformation on each spine node, the entire geometry was divided into "n" sections with 1 mm height (315 total sections with Dh ¼ 1 mm). Total model length was 315 mm.
Step 4. The center of each section was defined based on the maximum and minimum location along the X-and Y-axis based on the below equation
where subscripts max, min, and C denote maximum, minimum, and center of each section, respectively (see Fig. 3 (b) for diagram).
Step 5. To identify the dura and SC location, each section was divided into 32 parts each containing 11.25 deg (10,080 total parts for entire model). Further calculations of mesh deformation were repeated for each part.
Step 6. Our approach was to move the dura location and maintain the SC in a fixed position (SC compressibility is likely small). A limitation value (see Fig. 3 (b)) was calculated based on the maximum and minimum radius of each part using the below equation
Each point with a greater radius than the limit value was allowed to move during the simulation and all others remained fixed in location.
Step 7. The time-course radial displacement for each node within each part was calculated based on the difference in CSF flow rate across each section (DQ). This variation was assumed equal to the volume change of each section at each time step (DV ¼ DQ Á Dt). Where Dt denotes solver time-step size. Under the assumption of zero dura and SC axial motion along the Z-axis, deformation was only calculated within the XY-plane (Fig. 3(b) ). Due to the relatively small angle within each part (11.25 deg), the outer boundary of each part (dura) was assumed as a circular arc. Thus, radial displacement of each node on the dura surface for each part, Dr, was computed based on area variation within that pseudo-circular part, where DA ¼ DV=Dh, using the below equation Numerical Solver Settings. The computational domain with nonuniform unstructured grid ( Fig. 2(b) ) was generated within ANSYS ICEM CFD software and consisted of approximately 11.2 million tetrahedral elements ( Fig. 2(c) ). The commercial finite volume CFD solver ANSY FLUENT was used to solve the continuity (Eq. (4)) and Navier-Stokes (Eq. (5)) equations numerically using the finite volume method
where q is the density, l is the dynamic viscosity, and u and p describe the velocity and pressure fields, respectively. The laminar viscous model was used to simulate laminar incompressible Newtonian flow. CSF hydrodynamic characteristics were considered to be equivalent with water at body temperature [13, 14] (density of q ¼ 993.3 kg/m 3 and dynamic viscosity of l ¼ 0.6913 mPaÁs). A no-slip boundary condition was imposed at the walls. A pressure-outlet boundary condition with 0 Pa gauge pressure was defined at the model cranial opening. Flow at the model cranial opening was produced based on the nonuniform deformation of the model wall. The model was terminated at the caudal end and was only open at the cranial end (Fig. 2) . Thus, it was unnecessary to prescribe an inlet velocity boundary condition. Deformation of the outlet boundary was set as a faceted wall. Second-order upwind numerical scheme was used for both momentum and pressure gradient solver settings. The utilized transient formulation was second-order implicit with default values for under-relaxation factors. The convergence criteria for continuity and velocity were set to 1 Â 10 À8 . CFD simulation for each cycle required $14 h to complete in parallel mode with 141 GB RAM and 30 processors at a clock speed of 2.3 GHz. Total simulation time was 28 h for the two cycles simulated. Results are presented for the second cycle only.
Verification Studies. To verify our numerical results, independence studies were carried out to determine the effect of cycle, mesh size, and time-step size on velocity results for a 6 cm model length located within the thoracic spine (Fig. 4(a) , Table 2 ). Our focus was velocity since velocity was the parameter measured by the MRI measurements used to define the numerical model. A baseline simulation was conducted for a coarse tetrahedral mesh with wall prism layers containing a total of 0.6 million cells. Subsequent "medium" and "fine" simulations were carried out with mesh size and prism layer length halved for each case. Results were assessed at three axial slice locations separated by a 2 cm distance. For each slice, z-direction velocities, V w , were quantified using a rake containing n ¼ 1000 points along a straight line (Fig. 4(b) ). Maximum error between each case was calculated at peak systolic flow using the following equation: Maximum error for the medium versus fine grid was 4.7% and coarse versus medium grid was 10.76%. Thus, subsequent independence studies were carried out with the medium grid. Three time-step sizes were investigated through three flow cycles. Unsteady velocity was monitored at three different points within each of the slice locations and used to compute error (i.e., V wfineðtsys;nÞ ¼ V wfineðtÞ in Eq. (4)). A time-step size of 0.01 s was selected for future studies having a maximum error of 2.1%. Similarly, cycle independence results for unsteady velocity showed that velocity variation after the first cycle was negligible ($1.5%). Thus, results for the final CFD study were analyzed based on the second cycle with a medium grid and time-step size of 0.01 s.
Geometric Quantification. Based on the 3D reconstruction and meshing, the following geometric parameters were calculated along the spine at 1 mm intervals similar to our previous studies [9] . Cross-sectional area of SAS, A cs ¼ A d À A c , was determined based on cross-sectional area of the SC, A c , and dura, A d . Hydraulic diameter for internal flow within a tube, D H ¼ 4A cs =P cs , was determined based on the cross-sectional area and wetted perimeter, P cs ¼ P d þ P c . Wetted perimeter was computed as the sum of the SC, P c , and dura, P d , perimeter. Each of these parameters was calculated within an UDF compiled in ANSYS FLUENT after the computational mesh was formed. The MRI-based time-averaged geometry, at baseline or zero deformation, was used to compute the above parameters.
Hydrodynamic Quantification. The hydrodynamic environment at 1 mm slice intervals along the entire spine was assessed by Reynolds number based on peak flow rate, Re ¼ ((Q sys D H )/ (A cs )), and Womersley number based on hydraulic diameter. In this equation, Q sys is the temporal maximum of the local flow at each axial location along the spine obtained by interpolation from the experimental data and is the kinematic viscosity of the fluid. CSF was assumed to have a viscosity of water at body temperature. Reynolds number at peak systole, or the ratio of steady inertial forces to viscous forces, was utilized as an indicator of the presence of laminar flow ðRe < 2300Þ along the spine. It should be noted that this formulation of Reynolds number is only an indicator of laminar flow for flow within a straight circular pipe. We provide this number for comparison to many previous studies in the field that have used it as an indicator of the flow type [11] . Womersley number, a ¼ ðD h =2Þ ffiffiffiffiffiffiffiffi ffi x= p , was computed where x is the angular velocity of the volume flow waveform with x ¼ 2p=T and is the kinematic viscosity of CSF ( ¼ l=q). Womersley number was used to quantify the ratio of unsteady inertial forces to viscous forces, which was found to be large for SAS CSF flow relative to viscous forces by Loth et al. [15] . A Womersley number greater than 5 indicates transition from parabolic to "m-shaped" peak-systolic velocity profiles for oscillatory flows [16] . CSF PWV was quantified as an indicator of CSF space stiffness. PWV was quantified based on the timing of peak systolic CSF flow rate along the spine using a method similar to Kalata et al. [17] . A linear fit was computed based on the peak systolic flow rate arrival time with the slope being equivalent to the PWV.
Validation of Numerical Simulation Flow Results. Simulation results were compared to the in vivo measurements to help understand how well the simulation reproduced the in vivo CSF flow in terms of distribution and velocity profiles along the spine. Similar to studies previously conducted by our research group for humans [11] , simulation results and in vivo measurements were compared at each PCMRI slice location (FM through L2-L3) in terms of unsteady CSF flow rate. Maximum percent difference in CSF flow rate, Q %error , was computed as the instantaneous difference in CSF flow in the CFD simulation and the MRI measurements, Q CFD ðtÞ À Q MRI ðtÞ, divided by the maximum of the absolute value of MRI-derived CSF flow over the cardiac cycle.
Peak flow patterns were also assessed visually to understand any differences in flow fields. Although the primary objective of this study was to simulate CSF flow rate distribution along the spine, we also compared the numerical results to in vivo MRI measurements in terms of the following parameters: peak systolic and diastolic velocity values (for any pixel in the plane of interest) and peak systolic velocity profiles.
Results
The relative axial location for each vertebral disk along the cynomolgus monkey spine with respect to the numerical model is shown in Table 3 . Axial locations along the model are provided with respect to the SC center coordinate for a plane positioned parallel to each disk and intersecting the SC (orthogonal to CSF flow direction).
Geometric Parameters. Total CSF volume within the SAS from the FM to spinal canal termination was 8.7 ml for the single cynomolgus monkey analyzed ( Table 4 ). For that same region, the SC volume was 4.5 ml. Mean values of surface area were 41.5 and 14.2 mm 2 for the dura and SC, respectively. Mean values of perimeter were 22.7 and 14.5 mm for the dura and SC, respectively. As expected, maximum area and perimeter of the dura, SC, and SAS were located at the FM (Figs. 5(a) and 5(b)). A notable local increase in area and perimeter was present at $30 mm caudal to the FM. Hydraulic diameter, omitting the model termination region (caudal), had a minimum value of 1.74 mm occurring at a distance of 28 mm caudal to the FM within the cervical spine ( Fig.  5(c) ). Hydraulic diameter was larger at both the FM and within the intrathecal sac enlargement of the SAS than elsewhere. (Table 4 , Fig. 5(d) ). Local maxima for Womersley number were present within the intrathecal sac (a ¼ 8.4), thoracic enlargement (a ¼ 7.1) and at the FM (a ¼ 7.4). Womersley number had local minima within the cervical spine and just rostral to the intrathecal sac. Maximum Reynolds number was 149.9 and located in the cervical spine where CSF flow was maximum and the SAS had a relatively small hydraulic diameter.
CSF Flow. Maximum peak and mean CSF velocities in the numerical model were present at 28 mm ($C4-C5, Fig. 5(f) ). Minimum value of peak and mean CSF velocities occurred in the lower lumbar spine and within the thoracic spine from 108 to 141 mm ($T7-T10).
CSF flow oscillation had a decreasing magnitude and considerable variation in waveform shape along the spine (Fig. 6(a) ). Spatial temporal distribution of CSF flow rate along the SAS showed that maximum CSF flow rate occurred caudal to C3-C4 at $30 mm (Fig. 6(b) ). CSF flow rate waveform shape and magnitude was similar from $125 mm to the SAS termination. CSF PWV was quantified to be 1.19 m/s (Fig. 6(b) ).
Comparison of mean velocity at peak systolic flow at the five MRI slice locations (Fig. 5(f) ) showed that MRI measurements were nearly identical to CFD results (error < 2.87%). Maximum percent difference in CFD versus MRI flow rate for all locations over the entire CSF flow cycle was 3.6% ( Fig. 6(a) ). Maximum percent difference in CFD versus MRI flow rate at peak systole was $2.8% (Table 5) . Comparison of peak systolic and diastolic thru-plane CSF velocities at the five MRI slice locations (Fig.  5(e) ) indicated that the MRI measurements had from 1.03 to 3.59Â greater peak velocities compared to CFD. Dura Radial Displacement. Radial displacement of the dura over the cardiac cycle is depicted in Fig. 6(c) . Three axial locations at 55, 162, and 268 mm had zero radial displacement over the cardiac cycle. Also, different segments of the dura, with the exception of the lower lumbar spine, showed general trends in either positive or negative displacement. Spatial-temporal distribution of dura radial displacement (Fig. 6(d) ) was different than CSF flow rate (Fig. 6(b) ).
Comparison of CFD and In Vivo CSF Velocity Profiles. Visual inspection of the PCMRI and CFD thru-plane velocity profiles at peak systole revealed large spatial differences (Fig. 7) . Greater CSF velocities were observed by PCMRI in the anterior in comparison to the posterior space. In contrast, relatively uniform CSF flow profiles were simulated by CFD. All of the five sections showed CSF flow jets on PCMRI images. No such flow jets were present in the corresponding CFD velocity profiles. Epidural and vertebral artery blood flow was noted in the lumbar spine at L2-L3 and FM, respectively, as denoted by the black arrows at those locations ( Fig. 7(d) ). This flow was in close proximity to the CSF within the SAS and required omission in the MRI-based CSF flow waveform quantification.
Discussion
The delivery of therapeutic agents to the CNS tissue by the CSF is dependent on the following four stages: (1) pulsationdependent mixing of the CSF, (2) arterial pulsation assisted transport along the perivascular spaces, (3) absorption from the perivascular space to the CNS tissue, and (4) extracellular transport and uptake into the neurons and along axons [6] . Each of these aspects must be understood to optimize CSF-based therapeutics. This study provides a flow model for accurate subjectspecific reproduction of the nonuniform distribution of CSF flow along the entire spine using a nonuniform moving boundary approach. Results were verified by numerical independence studies and validated based on in vivo PCMRI measurements of CSF flow rates along the SAS.
Nonuniform CSF Flow Waveform Reproduction. The distribution of CSF flow along the spine is nonuniform and shows local Note: FM, foramen magnum; C, cervical; T, thoracic; L, lumbar; S, sacrum; Co, coccygeal. variations in waveform shape and magnitude ( Fig. 1(b) ). For example, CSF flow waveform amplitude was smaller at the FM compared to C2-C3 and then decreased at T4-T5 ( Fig. 1(b) ). Waveform amplitude was greater at L2-L3 compared to T10-T11. Thus, we implemented a nonuniform moving boundary approach to accurately reproduce the subject-specific MRI measurements. This involved an algorithm to compute local radial displacement of the dura (Fig. 3) and nearby mesh elements. The resulting CSF flow rate waveforms were compared to the in vivo measurements and shown to be nearly identical over the entire CSF flow cycle ( Fig. 6(a) ). In addition, comparison of mean velocity at peak systolic flow at the five MRI slice locations ( Fig. 5(f) ) showed that MRI measurements were nearly identical to CFD results (error < 2.87% at peak systolic CSF flow). To our knowledge, this model represents the first validation of numerically modeled subject-specific CSF flow rates along the entire spine. Increasing the mesh resolution would decrease the degree of error and also increase simulation time. Additional simulation time and computing resources should be considered carefully with respect to the clinical problem and specific questions. A number of previous studies have simulated CSF flow along the spine under varying levels of complexity. Tangen et al. [18] used a dynamic mesh to simulate an axially phase-lagged version of the C4 CSF flow waveform measured by PCMRI. Agreement of CFD and MRI measurement of CSF flow rates at C4, T4, and L4 varied considerably depending on the axial location [18] . Another model by Sweetman et al. simulated CSF flow along the spine using a fluid-structure interaction approach with prescribed material properties of the dura. This model predicted a decreasing trend in CSF flux along the spine. Kuttler et al. [19] completed a semi-idealized model of CSF flow along the entire spine using a moving grid approach. Martin et al. completed a one-dimensional tube wave propagation model of CSF flow along the spine [1] . Bertram [20] , Elliott [21] , Cirovic and Kim [22] , and Lockey et al. [23] also completed wave propagation models under varying degrees of geometric complexity. For all of these models, CSF flow or pressure was imposed at the model inlet but not validated based on in vivo CSF flow measurements.
Comparison of CFD and In Vivo CSF Velocity Profiles. While the objective of our numerical modeling approach was to accurately reproduce the desired CSF flow rate distribution along the spine (Fig. 6(a) ), the numerical model did not result in identical CSF velocity profiles as the in vivo PCMRI measurements. PCMRI showed axial CSF velocity profiles to be nonuniform with the presence of CSF flow jets and decreased CSF flow near nerve roots (Fig. 6(c) ). Similar findings have been reported by others in the literature [24] . CFD velocity profiles at the same locations were relatively uniform. A number of numerical studies of CSF flow in the cervical spine in humans also found that CSF velocity profiles did not match in vivo PCMRI measurements [24, 25] . In our study, agreement of peak CSF velocities was best at C2-C3 (error $7%, Fig. 5(e) ). Maximum difference in peak CSF velocity at any location was 1.61 cm/s (Fig. 5(e) ). This level of difference is likely within the range of noise present in the PCMRI signal that was collected with a velocity encoding of 10 cm/s.
The differences in velocity profiles and peak velocities between the PCMRI measurements and CFD simulations suggest that the level of anatomical detail in CFD simulations is not adequate to accurately model the CSF velocity profiles. A study by Pahlavian et al. showed that the discrepancy in CFD and PCMRI velocity profiles is not due to PCMRI measurement noise [26] or neural tissue motion over the cardiac cycle [27] . Taken together, these studies indicate that relatively small structures within the CSF flow field alter the CSF flow velocity profiles [28] .
Unfortunately, the current 3T MR image resolution does not allow accurate reproduction of these relatively small anatomical structures such as spinal cord nerve roots, dorsal and dorsal lateral septum, arachnoid trabeculae, denticulate ligaments, and tiny blood vessels. These structures are likely the underlying reason for the differences in velocity profiles, in particular in the lower thoracic and lumbar spine (Fig. 7(c) ). MR image resolution must improve to define these features in the future, for example, using 7T MRI [29] . Our geometric model did not include these small structures as they are not possible to image on a subject-specific basis. However, they should be included to accurately reproduce in vivo CSF flow profiles. It is likely that accurate subject-specific reproduction of CSF flow rate distribution and velocity profiles is needed to model subjectspecific intrathecal solute transport. Alternatively, one may choose to create idealized models with these structures included that can help inform intrathecal device design and protocol development. In any case, these models should have accurate distribution of nonuniform CSF flow along the spine. Our approach satisfies that need.
CSF Space Geometry Quantification. To our knowledge, axial variation in spinal SAS geometry in terms of A cs , P cs , and D H in a cynomolgus monkey has not been reported in the literature. This is likely due to the relatively long time period (55 min total) required to obtain the high-resolution MRI images (375 lm isotopic) used to segment the CSF space in this study. Hydraulic diameter ranged from $1.5 to 4.5 mm in the NHP analyzed. The axial distribution of SAS geometry in the cynomolgus monkey Note: V, velocity; Q, CSF flow rate; peak-sys, systolic peak flow; peakdia, diastolic peak flow. had a similar trend as that quantified in humans for A cs , P cs , and D H [9] , albeit approximately $7.4, 2.3, and 2.4Â smaller, respectively, in magnitude compared to a human [15] . Total CSF volume in the spine for the cynomolgus monkey in this study was $8.7 ml. Based on Loth et al. human spinal CSF volume can be estimated to be $125 ml. Detailed MR investigation of the complete spinal CSF space in terms of its geometry is lacking in the literature.
Importance of Hydrodynamic Parameters. The analysis of Reynolds and Womersley numbers is helpful to compare the present study results with the literature and validate the CFD methodology assumptions, such as laminar flow. Using the peak CSF flow rate and hydraulic diameter, Re did not exceed 150 for any axial location along the NHP spine (Fig. 5(d) ). Re for the NHP analyzed in our study was consistent with previous findings for humans that quantified Re to range from $150 to 450 [15] . In this study, Re was significantly lower than the critical value for transition to turbulence for flow in a straight circular pipe and thus, we expect the flow to be laminar throughout the SAS. However, a study by Helgeland et al. indicated that CSF flow may have instabilities [30] . The phase-contrast MRI measurements used to detect the CSF velocity profiles in our study were time-averaged over multiple cardiac cycles. Thus, any unsteadiness in pixel velocities that could be due to flow instability was not possible to detect.
Our findings indicated that maximum Re was present at C4-C5. This location may be best suited for intrathecal delivery of solutes [6] . However, intrathecal drug delivery at C4-C5 may have increased risk for CNS tissue damage in comparison to the typical delivery location in the lumbar spine. It is unclear if this location would be the same for humans, as little information is known about CSF flow rates along the entire spine in humans.
Womersley number, a, ranged from $3 to 8, suggesting that transient inertial forces were dominant over viscous forces. These findings are in agreement with the range of Womersley numbers for CSF flow in humans [11] . They also indicate that viscous effects within the spinal SAS are relatively insignificant as documented by Loth et al. [15] .
CSF Pulse Wave Velocity Along the Spine (PWV). Spatialtemporal smoothing of the in vivo measured CSF flow rate waveforms showed that the CSF flow has a distinguishable wave propagation velocity (PWV) along the SAS of approximately 1.19 m/s (Fig. 6(b) ). This PWV is lower than previously reported in the literature for humans, albeit, the number of in vivo studies is limited. An in vivo study by Kalata et al. used high-speed PCMRI to quantify the CSF velocity wave speed in a $20 cm portion of the cervical spine and found it to be 4.6 6 1.7 m/s at systole in healthy subjects [17] . A fluid-structure interaction study by Sweetman and Linninger predicted spinal CSF PWV to be $3 m/s [31] . Another simulation by Martin et al. used a numerical 1D tube model of the spinal SAS to parametrically alter the dura mechanical properties and analyze the effect on spinal CSF flow and pressures [32] . In that study, CSF PWV varied from 2.5 to 13.5 m/s depending on dura elasticity. Martin et al. also investigated CSF wave phenomena in the spine using in vitro models and found CSF wave reflections to be present [1] . Similar findings have been found numerically by a number of investigators using a number of approaches [20, 33] . Our results did not show a large degree of CSF wave reflection within the spine (Fig. 6(b) ). More detailed investigation is needed to understand CSF PWV in the spine and its relevance, if any, to CNS disease pathophysiology and intrathecal therapeutics.
Motion of the Dura. To our knowledge, radial motion of the dura has not been directly measured along the spine using MR imaging, likely due to the relatively small degree of motion present in that tissue. Our results indicate that a maximum radial dura displacement of $135 lm (Fig. 6(c) ) is sufficient to reproduce the measured CSF flow rates along the NHP spine (Fig. 6(a) ). Interestingly, there were three axial locations along the spine that did not have dura radial displacement (Fig. 6(d), dotted lines) . The location of maximum dura displacement was at the T3-T4 and C1-C2 vertebral level (Table 3) . These locations had a positive and negative displacement from baseline, respectively. Maximum CSF flow rate was present between these two locations at approximately C3-C4. CSF flow wave propagation and dura displacement did not appear to be coupled in terms of their spatial temporal distribution (compare Figs. 6(c) and 6(d) ).
Limitations
The numerical modeling methods in this study were based on MRI measurements for a single cynomolgus monkey. Geometric and hydrodynamic findings were presented to understand the hydrodynamic environment. These parameters should be investigated in a larger group of NHPs to determine their statistical variance with gender, among NHP species and comparison to humans.
A single operator accomplished geometric segmentation of the MRI images used in this study. A study by Martin et al. indicated a high degree of reliability in CFD results for geometries produced by different operators [11] . We therefore expect the trends in CSF dynamics and geometry to be similar, given a different operator. Nonuniform motion of the numerical mesh was defined by the measured CSF flow rate using a manual region of interests (ROI) selection. Careful attention was given to omit regions outside of the SAS by referencing the high-resolution T2-weighted image sets (e.g., for omission of epidural venous flow around the dura). Pixels with net flow in one direction were omitted (blood flow), and pixels with oscillatory flow were included (CSF). Nevertheless, in some cases, it was difficult to distinguish CSF flow from nearby epidural flow that may pulsate.
Our modeling approach did not include CSF within the SAS of the brain or ventricles because we did not have MR images of flow or geometry obtained within those regions for validation of the numerical model. These images were not possible to collect in the already relatively long 1 h and 21 min MRI measurement timeframe. Additionally, the presented model used a moving boundary method in which boundary motion was prescribed at the model wall. This model did not account for fluid structure interaction (FSI) of the wall (tissues) and fluid. Prescribed motion of the dura allowed reproduction of the in vivo measured CSF flow rate.
Conclusion
This study presents a flow model based on a nonuniform moving boundary method to accurately reproduce in vivo CSF flow rate distribution and waveform along the spinal SAS of a cynomolgus monkey. Maximum error measured at peak CSF flow rate in the numerical model was <3.6%. Deformation of the dura ranged up to a maximum of 135 lm. MRI measurements of CSF space geometry and flow were successfully acquired to define the numerical domain and boundary conditions. For the single cynomolgus monkey analyzed, results showed that CSF flow was laminar with a peak Reynolds number of $150 and average Womersley number of $5.4. Geometric analysis indicated that total spinal CSF space volume was $8.7 ml. Average hydraulic diameter, wetted perimeter, and SAS area were 2.9 mm, 37.3 mm, and 27.2 mm 2 , respectively. CSF PWV along the spine was quantified to be 1.2 m/s and did not appear to have a significant degree of wave reflection at the spine termination. Maximum CSF flow movement was present at the C4-C5 vertebral level. In combination, these results represent the first CFD simulation of spinal CSF hydrodynamics in a monkey.
